Abstract-Recent studies have reported various methods that recognize amputees' intent regarding locomotion modes, which is potentially useful for volitional control of powered artificial legs. However, occasional errors in locomotion mode recognition are inevitable. When these intent recognition decisions are used for volitional prosthesis control, the effects of the decision errors on the operation of the prosthesis and user's task performance is unknown. Hence, the goals of this study were to 1) systematically investigate the effects of locomotion mode recognition errors on volitional control of powered prosthetic legs and the user's gait stability, and 2) identify the critical mode recognition errors that impact safe and confident use of powered artificial legs in lower limb amputees. Five able-bodied subjects and two above-knee (AK) amputees were recruited and tested when wearing a powered AK prosthesis. Four types of locomotion mode recognition errors with different duration and at different gait phases were purposely applied to the prosthesis control. The subjects' gait stabilities were subjectively and objectively quantified. The results showed that not all of the mode recognition errors in volitional prosthesis control disturb the subjects' gait stability. The effects of errors on the user's balance depended on 1) the gait phase when the errors happened and 2) the amount of mechanical work change applied on the powered knee caused by the errors. Based on the study results, "critical errors" were defined and suggested as a new index to evaluate locomotion mode recognition algorithms for artificial legs. The outcome of this study might aid the future design of volitionally-controlled powered prosthetic legs that are reliable and safe for practice.
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I. INTRODUCTION
R APID advancement of powered artificial legs has attracted increasing attention in recent years [1]- [5] . The advantage of powered artificial legs over traditional passive devices is that they can enable lower limb amputees to more easily and efficiently perform a variety of activities, such as stair climbing. Powered artificial legs usually employ a finite-state machine (FSM) to control the joint impedance or joint position [3] , [4] . In such a control scheme, the joint impedance or position varies across gait phases for cyclic locomotion tasks or movement state for noncyclic tasks. The control of a powered prosthesis also depends on the user's intent regarding locomotion modes. This is because the required dynamics and kinematics of prosthetic limbs are different among different locomotion modes (e.g., level-ground walking and stair ascent/descent). Therefore, in order to enable smooth locomotion mode transition in prosthesis users, it is essential to integrate locomotion mode recognition with FSM-based intrinsic control for volitional operation of powered lower limb prostheses.
Various approaches have been explored to recognize the user's locomotion mode for volitional control of powered lower limb prostheses. A recent study [6] used mechanical feedback from a powered prosthesis to identify the user's locomotion mode. The decisions were used to modulate the impedance control of a powered above-knee (AK) prosthesis. The reported method can identify gait initiations, terminations, and transitions between sitting and standing of one AK amputee with 100% accuracy rate and 500 ms system delay. Another approach is to interpret the user's intent regarding locomotion mode by monitoring the neuromuscular control activity measured from the residual muscles or reinnervated muscles. Au et al. [5] used electromyography (EMG) signals from residual shank muscles to identify two locomotion modes (i.e., level ground walking and stair descent) of one below-knee amputee. All tested mode transitions were accurately identified to manipulate a powered foot-ankle prosthesis. Huang et al. [7] proposed a phase-dependent EMG pattern recognition strategy that can identify seven locomotion modes with approximately 90% accuracy rate as demonstrated with two above-knee (AK) amputees. To better improve the accuracy in recognizing the user's locomotion mode, our group made use of both EMG signals and mechanical feedback from the prosthesis to classify the user's locomotion mode [8] . Such a method based on neuromuscular-mechanical fusion was evaluated on above-knee amputees online [9] and showed improved performance compared to the locomotion mode recognition method based on EMG or mechanical signals only. A recent study [10] reported a successful case of using EMG signals from targeted reinnervated muscles and mechanical measurements from a prosthesis to interpret an amputee's intent and control a powered above-knee prosthesis.
Despite the high accuracy rate for recognizing the user's locomotion mode, occasional recognition errors still occur. These errors, if used for volitional prosthesis control, may trigger the erroneous operation of prostheses, disturb the user's task performance, or even cause posture instability or the user's falls. These volitional control errors may significantly affect the confident and safe use of powered prostheses in lower limb amputees. Therefore, identification and elimination of the negative effects of these user intent recognition errors on the control of powered artificial legs is imperative. To the best of our knowledge, a very limited number of studies have reported the effects of locomotion mode recognition errors on volitional control of lower limb prostheses. Varol et al. [6] reported that a user intent recognition error that falsely classified the standing mode as level ground walking mode did not affect the prosthesis control and the user's performance. However, only one type of error was reported, and no systematic investigation was provided. In a recent study [10] , intent recognition errors were observed to cause disturbance of the subject's gait stability to varying degrees.
The objectives of this study were to 1) systematically investigate the effects of locomotion mode recognition errors on volitional control of powered prosthetic legs and the user's gait stability, and 2) identify the critical mode recognition errors that impact safe and confident use of powered artificial legs in lower limb amputees. To conduct this study, a locomotion mode recognition simulator was designed to artificially generate four different types of errors with different durations and at different phases that modulates FSM impedance control of a powered prosthesis. Five able-bodied (AB) subjects and two patients with AK amputations were recruited and tested when wearing our powered prosthesis. The effects of the errors on the powered prosthesis and the user's gait stability were evaluated. The results of this study could completely change the way for evaluating locomotion mode recognition systems for powered AK prostheses and propel the future design of volitionally-controlled powered artificial legs that are functional and safe-to-use.
II. METHODS

A. Design and Control of a Powered Above-Knee Prosthesis
A prototype of AK prosthesis with a powered knee joint and a passive ankle joint has been designed and fabricated by our group [11] (see Fig. 1 ). The knee joint was constructed by utilizing a moment arm supported by an actuator on one side and an aluminum pylon on the other. The knee motion was driven by a dc motor (RE 40, Maxon, Switzerland) through a ball screw (THK 12 mm 2 mm). A potentiometer (RDC503013A, ALPS, Japan) was instrumented on the knee joint to measure the knee joint angle. An encoder (MR series, Maxon, Switzerland) was connected to the dc motor to estimate the knee angular velocity. In addition, a six degree-of-freedom (DOF) load cell (Mini58, ATI, NC) was mounted on the prosthetic pylon to measure the ground reaction force. The measurements from these mechanical sensors were used for intrinsic prosthesis control. All the sensor measurements were sampled at 100 Hz by a multi-functional data acquisition (DAQ) card (PCI-6259, National Instruments, TX). A digital-to-analog converter on the DAQ sent analog control signal to drive the dc motor through a motor controller (ADS50/10, Maxon, Switzerland).
The architecture of our proposed powered prosthesis controller consisted of two levels: a high-level controller for locomotion mode recognition and a low-level intrinsic controller, as demonstrated in Fig. 1 . In the high level controller, a locomotion mode recognition system was designed to interpret the user's intended activities (e.g., level ground walking, ramp ascent, and ramp descent in this study). The system monitored the EMG signals measured from user's residual limb muscles and mechanical measurements from the prosthetic pylon, recognized user's intent, and then switched the control mode in the low-level controller. The low-level intrinsic control is based on the mechanical feedback measured from the prosthesis only. It consists of a finite-state machine (FSM) and impedance controller. Impedance control has been widely used for prosthetic legs [3] , [6] , [12] because it is believed that humans control the stiffness of leg muscles while walking [13] , [14] . The goal of the intrinsic control is to ensure that the prosthetic knee acts as a passive spring-damper-system with predefined impedance (i.e., stiffness , damping coefficient , and equilibrium position ) that matches the biological knee impedance during walking [12] . To achieve this goal, five states were defined, each of which correspond to one gait phase. The defined five states were initial double support (IDS), single support (SS), terminal double support (TDS), swing flexion (SWF), and swing extension (SWE) (Fig. 1) . The state transitions are triggered by intrinsic measurements, such as ground reaction force , knee angle , and angular velocity . Once a state was selected, the desired knee impedance corresponding to this state was then sent to the impedance controller. The output of impedance control was the torque needed to drive the powered knee. In this study, we adopted the same impedance control as that reported in previous studies [6] .
B. Investigated Locomotion Mode Recognition Errors
In this study, we selected several types of mode recognition errors which were often observed in our previously developed mode recognition system for artificial legs. Locomotion mode recognition based on neuromuscular-mechanical fusion has been designed and evaluated on AK amputee patients in real time in a previous study. Despite high accuracy rate for mode recognition reported, occasional errors were still observed. Table I listed the confusion matrix derived from our designed mode recognition algorithm tested online on four AK amputees [9] . The diagonal numbers represented the accuracy rate (in percent) for recognizing individual locomotion modes; the nondiagonal elements denoted the misclassification rate (in percent) between two modes. The interface was used to recognize five cyclic locomotion modes (e.g. level-ground walking, stair ascent/descent, and ramp ascent/descent) and two noncyclic locomotion modes (sitting and standing). The table shows that most of the confusion errors happened among the tasks of level-ground walking, ramp ascent, and ramp descent (indicated by gray areas in Table I ). This observation was also consistent with the results from a recent study [15] in which an intent recognition system was evaluated on four AK amputees wearing a powered knee and ankle prosthesis. Their results also indicated that ambulating on ramps had a significantly higher error rate than walking on staircases. Therefore, based on the knowledge from previous studies, four types of frequently occurring mode recognition errors were considered in this study: level-ground walking misclassified as ramp ascent or ramp descent , ramp ascent misrecognized as level-ground walking , and ramp descent misrecognized as level-ground walking . Since immediately transitions between ramp ascent and descent rarely happen, the errors for recognizing between these two modes (i.e., and ) were not considered. Besides the types of errors, the error durations and occurred timing were also investigated. Based on the observation in our previous study, it has been found that the continuous error decisions generally lasted no more than 300 ms. Therefore, in this study, four different types of errors , and with different durations (100, 200, or 300 ms) at all defined phases (IDS, SS, TDS, SWF, or SWE) were investigated.
To systematically investigate the effects of selected mode recognition errors, a mode recognition simulator was used to replace the high-level control shown in Fig. 1 . The simulator directly sent the user's locomotion mode to low-level intrinsic control; no mode recognition algorithm was employed here. Using this simulator, experimenters can easily program an investigated error with a specified duration in any selected gait cycle and gait phase.
C. Participant and Measurements
This study was conducted with the approval of Institutional Review Board (IRB) and with informed consent of all the subjects. Five able-bodied subjects (AB01-05) and two patients with unilateral above-knee amputations (AK01-02) were recruited in this study. The recruited AB subjects were all male and free from orthopedic or neurological pathologies. The average age of the AB subjects was years. The average height was cm. The average weight was kg. AK01 (age: 60 years; height: 175.3 cm; weight: 75.8 kg) was a male amputee with 33-year postamputation; AK02 (age: 41 years; height: 162.2 cm; weight: 65.7 kg) was a female amputee with 32-year post-amputation. They both were regular passive prostheses users. During the experiments, the AK subjects wore suction prosthetic sockets. For AB subjects, a special designed bent-knee adaptor was used so that they can walk with the powered prosthesis.
The experimental setup was demonstrated in Fig. 2 . The measurements of intrinsic mechanical sensors on the prosthesis were used for both intrinsic control and an evaluation purpose. In addition, an inertial 3-D motion capture system (Xsens Technologies B.V., Enschede, The Netherlands) was used to capture the full-body motion of the subjects. Kinematic measurements were used to quantify the user's gait stability (refer to Section II-E). All the measurements were sampled at 100 Hz and synchronized. The experiment sessions were also video-recorded.
D. Experimental Protocol
Before the experiments, all the subjects were trained to walk with the designed powered prosthesis. Each subject received at least 10-h gait and balance training sessions, led by a physical therapist. This training was necessary because the powered device redefined the gait dynamics in the recruited subjects. Amputees must readapt to the powered device. The prosthesis align- GAIT STABILITY ment and desired joint impedance parameters for each studied locomotion mode (including level-ground walking, ramp ascent, and descent) were calibrated for each individual subject by a prosthetist and an experienced experimenter. All the subjects were able to adapt to the powered prosthesis and generate stable and consistent gait patterns when performing each assigned locomotion mode.
Each experiment was composed of at least 120 trials. Only one type of error with a specific duration and at a specific gait phase was applied in each trial. The same type of error with the same duration and at the same gait phase was simulated at least twice. First, the mode recognition simulator sent the output locomotion mode, the same as the user's performing mode, to the intrinsic controller. The subject was asked to perform this activity at a self-selected walking speed wearing the powered prosthesis. For level-ground walking, the subject was asked to walk on a straight walkway; for ramp ascent/descent, the subject walked on a 10-ft ramp with 8 inclination angle. Then, the simulator generated an erroneous mode at a targeted gait phase with a specified duration in randomly selected gait cycles. The sequence of trial orders was randomized. A fall-arrest harness system was used to protect subjects from falls. Rest periods were allowed between trials to avoid fatigue.
E. Evaluation of Gait Stability
The effects of mode recognition errors on the prosthesis user's gait stability were evaluated both subjectively and objectively. A four-scale questionnaire (score 0-3) was designed to subjectively evaluate the gait stability of the subjects when the errors occurred. Table II listed the designed question and the descriptions for each scale of answer. After each trial, the subject was asked to report the score regarding the gait stability according to Table II. For the same error, the subjective result was obtained by averaging the scores across multiple tests. If the averaged score was greater than 1, the error was considered to cause subjective feeling of gait instability.
The gait stability was also evaluated objectively by monitoring full-body angular momentum. Biomechanical investigations [16] , [17] have demonstrated that the conservation of total angular momentum about the body's center of mass (COM) is highly regulated during human's ambulation. The full-body angular momentum has been used for the analysis of human walking stability [16] , [18] . To calculate the subject's wholebody COM and angular momentum [16] , a simplified human model was constructed in this study. The simplified model consisted of 12 rigid body segments: head, trunk, and bilateral upper arms, forearms, thighs, shanks, and feet. The head was modeled as a sphere. The arms, forearms, trunk, thighs, and shanks segments were modeled as cylinders. The foot segment was modeled as a rectangular box. Anthropometric measurements were taken from each subject to accurately reconstruct the representative model. These measurements included body weight, height, radius of head, and segment lengths and base radii of arms, forearms, trunk, thighs, and shanks. The mass of each segment was estimated by using the modified Hanavan model described in [19] . The position of whole-body's COM was calculated as a sum of the products of each individual segment's relative masses and COM locations [16] . The full-body angular momentum, , was calculated as the sum of each individual segment's angular momentum about the whole-body's COM as (1) and denote the th segment's COM position and velocity.
and are the whole-body COM's position and velocity, respectively.
represents the mass of the th segment. The second term in the square bracket is the angular momentum of the th segment about its own COM positions. and denote the th segment's inertia tensor (3 3) [16] and angular velocity (3 1) about the segment's COM, respectively. In this study, the coordinate frame was determined based on the right-hand rule with the z-axis directed vertically up, the y-axis pointing in the walking direction (anterior-posterior direction), and the x-axis pointing to the right side of the subjects (medio-lateral direction). The full-body angular momentum in the sagittal plane (" :" posterior and " :" anterior) was used as a parameter to quantify the gait stability. If the observed angular momentum exceeded a defined range, the subject was considered to be unstable. In this study, the defined range for each subject was between the maximum angular momentum in the anterior direction and the maximum momentum in the posterior direction, measured when the subject performed the investigated locomotion modes wearing the powered prosthesis without simulated control errors.
F. Characterization of Critical Errors
In this study, the change of mechanical work at the knee joint caused by errors was calculated to characterize the critical errors. It is because the error effects on the prosthesis joint depend not only on the erroneous torque applied to knee joint caused by the errors, but also on the current state of knee joint (i.e., knee joint angular velocity). Therefore, the change of mechanical work that takes into account both factors was used to characterize the critical errors. This parameter was calculated as the time integral of the knee joint torque multiplied by the joint angular velocity [20] . This value was then normalized by subject body weight. The amount of mechanical work change caused by a simulated error was defined as the difference of mechanical work generated over the error duration from the mechanical work derived over the same duration and at the same gait phase when no error was applied. The latter value was obtained by Table III lists the number of subjects who subjectively reported gait instability and the number of subjects whose quantified balance index showed gait instability when different types of errors with different durations were purposely applied at different gait phases. None of the errors with 100 ms duration are shown in Table III because these errors neither caused the subjects to feel unstable nor obviously affected the gait stability in terms of whole-body angular momentum. The table shows that the effects of errors on the powered prosthesis control depended on not only the types of errors but also the error durations and phases when the errors happened. The distribution of the errors that caused gait instability varied across different types of locomotion mode errors. Errors with long duration were tending to cause instability in the testing subjects. Even for the same error type, the effects of errors were different across phases. Interestingly, the errors that occurred at PSW did not elicit any reported or quantified instability in this study. The results derived from AB subjects and those derived from AK amputees were basically consistent, although slight difference was observed. For example, when the errors with 300 ms duration occurred in swing extension, none of the AK subjects subjectively or objectively showed unstable gait. However, the stabilities of two AB subjects were disturbed based on their subjective feedback in this case. All the errors that caused gait instability based on the objective measurement were also reported as unstable by the subjects. On the contrary, not all the errors that were subjectively reported as unstable cases caused the obvious angular momentum change. Therefore, in this study, any error that caused the subjective feeling of unstable balance in any one of the subjects was defined as a critical error, which should be avoided in the locomotion mode recognition system for volitional control of artificial legs. This was because 1) subjective measurement was more sensitive in measuring user instability than objective balance index used in this study, and 2) subjectively reported errors might reduce the user's confidence in using the powered artificial legs even though they did not obviously influence the stability.
III. RESULTS
Figs. 3 and 4 showed the change of mechanical work at the powered knee joint caused by investigated errors. These figures were derived from able-bodied subjects and amputees, respectively. The red asterisk indicates the defined critical errors, which affected the stability of the subjects based on the subjective feedback. Generally, these critical errors were observed to cause larger change of mechanical work generated at the powered knee joint than the errors that were not identified as the critical errors. Additionally, the amount of mechanical work change caused by the critical errors varied across different gait phases. For example, in SS phase (as shown in top-right corner of Figs. 3 and 4) , the errors that only generated -J/Kg of mechanical work change can cause the subjective feeling of gait instability, while in TDS phase (as shown in middle-left of Figs. 3 and 4) , even the errors that caused 0.08 J/Kg of mechanical work change did not affect the gait stability. Finally, the amount of mechanical work change caused by the critical errors in each gait phase derived from able-bodied subjects (Fig. 3) were generally close to those derived from AK amputees (Fig. 4) . In SWF and SWE phases, AB subjects showed a slightly lower threshold in sensing the error effects on gait stability. Fig. 5 demonstrated a representative trial from one AK amputee when level-ground walking was misrecognized as ramp ascent for 300 ms in the IDS phase. When the error occurred around 3.5 s, the knee angle deviated from regular knee motion in level-ground walking. About 300 ms after the end of the applied error, the full-body angular momentum of the subject in the sagittal plane also demonstrated obvious large change and exceeded the predefined stability threshold. The subject also reported feeling unstable, scored as a 2 on the scale.
IV. DISCUSSION
To investigate the effects of different error types, durations, and occurred timing on the volitional control of powered AK prosthesis, the gait stability of the subjects wearing the powered Fig. 3 . Change of mechanical work at the knee joint caused by the locomotion mode recognition errors. Results were averaged across five able-bodied subjects. Red asterisk indicates critical errors.
prosthetic leg was evaluated. Interestingly, not all the studied errors caused balance instability (as shown in Table III) for both AB subjects and AK amputees. We observed that the effects of errors not only depended on the types of errors, but also were related to the phases where the errors occurred and the error durations. This observation implies that purely using locomotion mode recognition accuracy or error rate, which has been widely employed in previous studies, may be inadequate to truly evaluate the potential of locomotion mode recognition system for volitional control of powered artificial legs. Instead, we suggested in this study that the mode recognition system should be evaluated by identification of the "critical errors" that cause the instability of prosthesis users, which is more functionally related.
The effects of the locomotion mode recognition errors on the user's gait stability were evaluated both subjectively and objectively. It was noted that all the errors that caused the subjects' instability in terms of the quantified balance index used in this study were also subjectively reported to disturb the subjects' gait stability. However, not all of the errors that caused subjective feeling of instability were observed to affect the quantified balance index significantly. This implied that the subjective feedback was more sensitive to measure user's instability than the objective quantified balance index used in this study (i.e., whole-body's angular momentum). Although some errors may not obviously disturb the whole-body angular momentum in the subjects, they elicited insecurity in the subjects regarding their balance stability and therefore lowered the subjects' confidence in using the powered device. Therefore, in this study, errors that elicited the subjective feeling of unstable balance were identified as the critical errors, which should be avoided in the locomotion mode recognition system for volitional prosthesis con-trol. The results of this study could provide a new guidance for designing, evaluating, and optimizing locomotion mode recognition systems for artificial legs.
After we correlated the identified critical errors with their effects applied on the prosthetic knee, it has been found that the effects of errors essentially depended on 1) the phases when the error happened and 2) the amount of mechanical work change at the knee joint caused by the errors. The error effects are phase-dependent because people have different levels of demand for balance across different gait phases [21] , [22] . The results in Figs. 3 and 4 implied that the SS phase was the most unstable phase because only J/Kg mechanical work change elicited the feeling of gait instability in both the AB and AK subjects. This conclusion was also reported in a previous study [22] , which stated that the gait instability resulted from a single limb support phase (i.e., the SS phase in this study). Whereas, none of the AB and AK subjects felt unstable (Table III) even when the errors generated over 0.08 J/Kg mechanical work change at the knee joint ( Fig. 3 and 4) . This implied that TDS was relatively a stable phase. This observation is also consistent with the finding in [21] , in which authors found that postural adjustment was absent if the gait perturbation occurred at the terminal double support phase.
In each individual phase, all identified critical errors were observed to generate relatively large mechanical work changes at the knee joint, which implied that the mechanical work change was one of the essential factors. It is because the error effects were determined by the knee joint toque change caused by the errors and the current states of knee joint, both of which were considered when calculating the mechanical work change. To alleviate the effects of critical errors, one potential solution is to first identify the tolerance range of mechanical work change at the knee joint caused by the errors in each gait phase and then carefully design the impedance parameters for each locomotion mode in each state so that when the errors happen, the resulted mechanical work change is still within the tolerable range.
This study suggests use of 1) the phases when the error happened and 2) the amount of mechanical work change at the knee joint caused by the errors as generalized criteria to define the critical errors. These criteria can be applicable to other type of AK prosthesis design and control. It should be noted that if the error types or error durations were used to define the "critical errors," such critical errors may not be valid for other design or control of AK prostheses. For example in position control-based AK prostheses, even the errors with shorter durations (e.g., 100 ms) may become critical errors because large mechanical work may be generated. This study's results showed that the amount of mechanical work change caused by the critical errors in each gait phase derived from the AB subjects were close to those derived from the AK amputees. The AB subjects were slightly more sensitive to error effects on gait stability, maybe partly because the AB subjects require more gait and posture adjustments from their daily walking pattern when walking with powered prostheses. These observations suggested that the tolerable range of mechanical work change at the powered knee joint as discussed above may be defined based on the testing on AB subjects as well, which could reduce the experimental and system design cost. However, our results were derived from a limited number of recruited human subjects. Testing more subjects is required to guide the future design of volitionally controlled powered artificial legs.
All the errors were simulated in this study. One of the follow up questions is whether noncritical errors further affect the performance of intent recognition interface. To address this question, an additional experiment was conducted on one AB subject. Multichannel surface EMG signals from the subject's thigh muscles and mechanical ground reaction forces/moments measured from the prosthetic pylon were collected as the data sources of the intent recognition interface. The tested intent recognition interface was the same as the one reported in our previous study [8] . During the experiment, the subject wore the prototypical powered prosthetic leg through a special designed bent-knee adaptor. Training data for the intent recognition interface was collected at the beginning of the experiment. The subject was asked to perform different tasks, including standing, level-ground-walking, ramp ascent, and ramp descent. Then, the subject went through the same experimental procedure described in Section II-D. Four different types of errors , and with different durations (100, 200, or 300 ms) at all defined phases (IDS, SS, TDS, SWF, or SWE) were simulated. The same type of error with the same duration and at the same gait phase was simulated twice. All the errors were randomized. The EMG signals and ground reaction forces/moments were recorded during the whole experiment and used for offline intent recognition analysis. The user intent recognition decisions were carefully examined. If any misclassification in intent recognition interface was observed within 300 ms after a simulated error, this error was considered as one error that further affected the intent recognition interface. The number of such errors was counted. As results, we did not observe obvious pattern changes in EMG signal and ground reaction force after applying noncritical errors identified in this study. Only one out of 104 noncritical errors caused the intent misclassifications. Additionally, it was unclear whether those misclassifications were caused by the simulated errors or were actually the inherent errors in the intent recognition interface because the misclassification rate derived here was lower than the inherent error rate of the intent recognition algorithm reported [9] . Therefore, based on these preliminary results, we anticipated that the noncritical errors reported in this study would not impact the performance of the intent recognition system. However, it should be noted that these results were obtained from limited number of subjects. More systematic experiments are needed to address this question.
Several limitations were still identified in this study. First, only the errors with 100-300 ms durations were considered in this study. The selected error durations were based on the results of our previous study, in which lower limb amputees ambulated with a passive prosthesis. However, it is unknown whether similar error durations will be observed when lower limb amputees walk with a volitionally-controlled prosthetic leg. This is because user intent recognition errors may change the kinematics or joint impedance of the prosthesis, which may alter the user's interaction with the prosthesis, and in turn induce additional errors (errors with longer duration) in the intent recogni-tion interface. Additionally, without closed-loop operation of intent recognition interface, it is unknown whether the user would have different feeling from that when the user directly interacts with the powered device. Hence, future study should involve testing of volitionally controlled powered lower limb prostheses with human-in-the-loop on more leg amputees. Second, intent recognition errors related with stair ambulation which rarely occurred, were not investigated in this study. However, it should be noted that even though this types of errors had a much lower error rate, once occurred, they may still cause critical impact on user's gait stability according to a recent study [10] . Our future work will focus on involving users in the closed-loop control of powered artificial legs and evaluating the user's gait performance when ambulating on terrains that are frequently encountered in daily life. Third, only the errors during static states when subjects continuously performed one activity were considered in this study. The errors that fail to recognize the activity transitions were not considered. It was because this type of errors was not observed in evaluation of our designed intent recognition system on above-knee amputees [8] , [9] . Based on our previous observation and experiences, the timing when to switch the prosthesis control mode during the transition period is a more important issue and should be investigated in the future.
In a summary, "critical errors" were identified and characterized in this study. The results of this study could shift the paradigm for evaluation and optimization of intent recognition systems and benefit the future design of volitionally-controlled powered AK prostheses. Our future work included 1) optimizing the locomotion mode recognition system by minimizing critical errors defined in this study rather than purely improving recognition accuracy that was traditionally suggested, 2) finding solutions to reduce the mechanical work change if the critical error happens, and 3) testing of powered lower limb prostheses with human-in-the-loop control on more leg amputees.
V. CONCLUSION
The effects of locomotion mode recognition errors on the volitional control of powered lower limb prostheses were investigated in this study. A prototypical AK prosthesis with a powered knee joint was used as a test bed. Five AB subjects and two AK amputees were recruited and tested when wearing our powered prosthesis. Four frequently-occurred mode recognition error types at different gait phases and with varied durations were purposely applied to modulate the intrinsic control of the prosthesis. The results showed that not all the mode recognition errors affected gait stability in the prosthesis users. The effects of errors depended on the phases when the errors happened and also the amount of mechanical work change applied to the knee caused by the errors. In addition, we defined and characterized the "critical errors," a new index to evaluate the potential of locomotion mode recognition systems for volitional control of powered artificial legs. The study results might shift the paradigm for evaluating and optimizing the performance of locomotion mode recognition system and aid the future design of volitionally-controlled powered artificial legs.
